Abstract-An optical fiber-based sensor has been developed to measure the forces at the tip of an electrode array during insertion into the cochlea. The sensor, utilizing optical fiber Bragg grating technology, was incorporated into a custom-designed Pt-banded electrode array for guinea pigs. In vivo experiments were undertaken in which forces at the tip of the array were measured in real time during the insertion. Data were obtained for maximum insertion forces of up to 254 mN. Histology was performed on the excised cochleae with the sensors fixed in position to evaluate the level of insertion trauma. The insertion experiments demonstrated a clear correlation between the applied force and collateral tissue damage.
I. INTRODUCTION
T HE general aim during the insertion of cochlear implant electrode arrays is to insert the array to an appropriate depth in the cochlea with the electrodes positioned as close as possible to the site of the neural cells in the modiolus [1] . The insertion is performed manually by a surgeon, who stops either at a depth as specified by the manufacturer's insertion procedure or when excessive resistance to the electrode array is encountered. Mechanical trauma to the soft tissues of the nearby spiral ligament and basilar membrane during insertion may cause loss of any residual hearing (see Fig. 1 for more information on cochlear anatomy). This has important implications for speech perception in these patients, as a combination of electrical stimulation and acoustic hearing has been shown to provide better speech perception, particularly in the presence of background noise [2] , [3] . Moreover, damage to the osseous spiral lamina, the thin sheath of bone separating the spiral ganglion neurons (SGNs) from the scala tympani, will produce a severe loss of SGNs localized to the site of trauma. Finally, electrode insertion trauma will also result in an inflammatory response within the cochlea [4] - [6] that could result in the loss of SGNs [7] and adversely affect current flow in the implanted cochlea.
Dislocation of the electrode array from the scala tympani into the scala vestibuli may be a further consequence of tearing the basilar membrane, which supports the organ of Corti [8] . This leads to inefficient stimulation of the auditory neurons and has been shown to reduce the patient's ability to process speech after implantation. It may also restrict the use of more advanced speech coding strategies and the potential for the patient to benefit from medical developments or improved surgical procedures that become available in future. In addition, there is some evidence to suggest that the electrode array tends to be only partially inserted when the surgeon perceives excessive resistance during insertion. Incomplete insertion is associated with reduced clinical performance [9] . These negative indications are by no means inevitable. Animal studies have shown that the delicate hair cells close to the electrode can survive the implantation, provided that electrode insertion trauma and severe inflammation are avoided [10] .
A variety of approaches have been considered in order to address the issue of trauma during cochlear implant insertion [11] . Studies have shown that tearing of delicate cochlear tissues can occur when the tip of the electrode array has been inserted 7-11 mm into the cochlea [12] , [13] and again at about 14 mm onward [14] . Researchers have attempted to study the mechanical behavior of the electrode by means of a 3-D finite-element analysis of the cochlea [15] , [16] . For straight electrode array designs, these studies confirm that the resistance to insertion starts to increase from about 5 mm and peaks after approximately 8-10 mm, which corresponds to the point where the electrode tip encounters the back wall of the cochlea [16] . A numerical simulation based on a more realistic 3-D model of the scala tympani suggests that the damage at 14 mm may be associated with a characteristic change in inclination of the scala tympani spiral at approximately 10 mm [15] . Rotational tomography has also been used to visualize the position of the array after surgery [8] . These results have helped to identify improved surgical techniques and have allowed different electrode array designs that minimize the trauma during insertion [17] . An interesting alternative design involves the use of steerable electrode arrays that can actively bend at the tip via an embedded strand [18] .
Another initiative involves the development of tools to assist the surgeon in accurately positioning the electrode array at the "round window" entrance to the cochlea for final insertion. This requires high-resolution 3-D imaging of the skull and the use of a robotic tool to precisely measure the shape of the ear [19] . An optical imaging probe may be used to map the fine structure of the inner ear. It is expected that this combination of technologies will allow a computer-controlled instrument to drill the insertion channel through the petrosal bone and the middle ear to the precise target location at the round window on the lower cochlear coil [20] . The risk of damage to intact sensory cells may, for example, be reduced if the electrode array can be positioned to a high level of initial accuracy. Although these kinds of visualization and guidance tools are likely to assist in the initial part of the procedure, real-time feedback remains critical for controlling the dynamic behavior of the array during insertion into the cochlea and thereby reducing the risk of trauma in individual situations. Recent work on automated insertion has seen the integration of force sensing in the robotic insertion tool [21] - [23] .
Another area being investigated to avoid trauma has been in the development of sensors for use in cochlear implants. Most of the efforts to date have been directed toward monitoring the depth of implantation or the position of the implant within the cochlea. Perhaps the most ambitious approach has used polycrystalline diamond as a piezoresistive position sensor on a thin-film electrode array with high lateral stiffness [24] . Polycrystalline-silicon was used as the piezoresistive strain gauge material in subsequent work [25] , [26] . Eight segmented piezoresistive strain gauges were used to measure the local deflection of the array, allowing overall array shape to be determined to better than 50 μm. A piezoresistive tip sensor was used to detect wall contact, but the relationship between tip sensor voltage and force has not been quantified in this or any subsequent work.
The features of position detection and wall contact sensing were expected to improve the depth of insertion and reduce insertion damage. Shape control could potentially be achieved by means of an articulated insertion tool, an inserted wire stylet, or by pressurized fluid actuation [27] . This study could eventually constitute a first step toward providing closed-loop control of array insertion [28] .
Optical fiber sensors have been developed to measure a wide range of sensing parameters. Small size, light weight, and immunity to electromagnetic interference are but a few of the advantages that they have over corresponding technologies [29] . Many of these attributes also make optical fiber sensors an attractive option for use in cochlear implants. For example, Li and Yao developed an optical fiber bending sensor, which used bend-induced losses of reflected light to infer the shape of the electrode array [30] . They concluded that this sensor provided a promising technique for in situ monitoring of the shape and position of the array during the implantation procedure. However, the fiber response is ambiguous under inhomogeneous bending conditions, in the sense that a long bend of large radius may cause the same loss as a short bend of small radius.
This paper describes the development of an optical fiber force sensor that is integrated into the electrode array of a cochlear implant. The sensor, based on optical fiber Bragg grating (FBG) strain sensors, was used to measure and display in real time, the forces exerted by the tip of an electrode array on the tissues of guinea pig cochleae during insertion. Apart from providing information about tissue damage thresholds during insertion, the sensor should help to establish whether the force feedback could be used by a surgeon to minimize mechanical trauma in real time during surgery.
II. MATERIALS AND METHOD

A. Optical Fiber Force Sensor
The force sensor described in this study used an optical FBG. These in-fiber devices have been used extensively in telecommunications and sensing applications [31] . They consist of a periodic modulation of the refractive index in the core of the optical fiber. When the wavelength of light propagating in the fiber is phase matched with the periodicity of the modulation, a narrow band of light will be reflected. Therefore, any external parameter, such as strain, temperature, or pressure, which changes the effective period of the refractive index modulation, will cause a shift in the reflected wavelength. Consequently, sensors based on FBGs have been applied in a range of applications, such as fiber optic catheters for the diagnosis of gastrointestinal motility disorders [32] .
The FBGs used in this study were written in the 1550-nm wavelength region in H 2 presensitized, standard telecommunications fiber (9/125 μm core-cladding diameter). A scanning phase mask technique was used with 244-nm radiation from a frequency-doubled argon-ion laser. Typical FBG parameters were 2-mm length, 10-dB reflectance, and full-width half-maximum bandwidth of 0.5 nm.
The choice of parameters for the Bragg grating used in the sensor was guided by experience obtained during the proof of concept tests and modeling. The aim was to develop a system that was able to measure over several hundred milliNewtons (mN) of force, with a relatively small sensor located at the fiber tip. Bragg gratings with a length of 2 mm proved to be a good compromise between sensing bandwidth (as determined by the full-width half-maximum of the FBG reflectance), sensor length, and grating reflectivity.
A wide variety of methods exist to monitor the shift in the wavelength of an FBG due to an external perturbation. In this study, we used a relatively low-cost matched FBG interrogation scheme that was designed and built by the authors. In this technique, the light signal reflected from the sensor FBG is passed through a second "filter" FBG which has a center wavelength slightly offset to the sensor grating. The amount of light transmitted by the filter FBG depends on the wavelength of the sensor FBG and hence the force exerted on the probe. Temperature control of the filter FBG allowed optimization of the center wavelength offset between the sensors and filter Bragg gratings during a test. This transmission mode interrogation system used a second "reference" signal to compensate for any background intensity fluctuations. The measurement range and accuracy of the FBG monitoring system depends somewhat on the characteristics of the FBGs used [33] . For the purposes of this study, the system was designed to provide a force measurement range on the order of several hundred mN with sub-mN accuracy. While not tested, the maximum measurement frequency of the unit was only limited by the analog-to-digital hardware used (USB Instruments, DS1M12, 1 MS/s native sampling rate). Further details of the interrogation scheme can be found in [33] . In addition to standard sensor output recording, a software program was used to display real-time sensor measurements.
B. Sensor Probe Design
The FBGs used in this study were written in the center of a length of optical fiber using a standard phase mask writing technique. Gratings were characterized by means of a JDS Uniphase SWS15100 swept wavelength system (3-pm resolution). The sensor probes were then fabricated by cleaving the fiber close (∼1 mm) to one end of the FBG. Measurements of the FBG reflection spectra were performed after the cleaving step to confirm that the procedure had not affected the key sensor characteristics.
For the animal experiments, the force sensor optical fibers were incorporated into a custom-designed guinea pig platinumbanded electrode array [34] , [35] . This array is similar in the design principle to the Cochlear Ltd. banded electrode arrays. The array consisted of three platinum ring electrodes (0.2-mm wide, 0.4-mm diameter, and 0.4-mm interelectrode spacing) mounted in Silastic (MED1-4213, NuSil), with each electrode welded to a parylene-insulated platinum/iridium wire (25-μm diameter). A fourth "dummy" platinum ring was located ∼4.5 mm from the tip of the array and was used as a guide to the insertion depth. Prior to embedding the wired platinum rings in Silastic, the force sensor fiber containing the FBG was threaded through the platinum rings so that the tip of the optical fiber was ∼0.2 mm past the outer edge of the platinum ring closest to the tip of the array. The injection molding process used to fabricate the array also helped to ensure that the optical fiber was located close to the center of the cylindrical array. This configuration has similarities to the arrangement reported in [36] . Fig. 2 shows a schematic of the electrode array containing the force sensor. 
C. Insertion Experiments
Six young healthy adult pigmented guinea pigs of either sex (300-600 g, 4-9 months old) were used in total for the experiments reported. All experiments were performed on anaesthetized animals (ketamine, 60 mg/kg and xylazine, 4 mg/kg; intramuscular [i.m.]). Anesthesia was maintained with xylazine (1 mg/kg) in ketamine (10 mg/kg; i.m.) every 40-50 min or as required as determined by a pedal withdrawal reflex. The external meatus and tympanic membrane of each animal was examined otoscopically and determined to be normal. Body temperature was maintained at 37
• C with a homeothermically regulated heat pad. Lignocaine was injected subcutaneously around the ear canals and in any skin that was to be incised. The head was immobilized in a custom head holder. Using standard surgical techniques, the round window of the left and right cochlea were exposed via a postauricular approach, followed by a cochleostomy (diameter ∼1 mm) to allow access to the scala tympani (where the array was inserted) [37] .
The custom electrode arrays containing the optical fiber force sensors were glued to a quartz glass micropipette that was mounted on a 2662 Micropositioner (Kopf, USA) (see Fig. 2 ). Prior to the insertion of the individual electrode arrays containing force sensors, several temperature calibrations were performed, with the array sensor located in the middle ear cavity and located within the cochlea (both with and without perilymph). This calibration was carried out by scanning the temperature of the filter FBG which allowed temperature corrections to be made and the sensitivity of the sensor to be determined.
Prior to force measurements, the position of the electrode array was set by placing the tip of the array at the cochleostomy, with the visual contact of the tip with perilymph used to indicate this location. This position at the opening of the cochlea was set as the zero point on the micropositioner and used as a reference distance for all subsequent insertion depth measurements. The force sensor array was withdrawn a set distance of 2 mm from the zero point ready for insertion. Fig. 3 illustrates the direction of the insertion of the electrode array into the cochlea and the location of the FBG force sensor at the tip of the array. The recording electronics of the force sensor were started, with a sampling rate of up to 25 Hz, and allowed to record the baseline signal level for a period of up to 30 s. The electrode array was then advanced into the cochlea at a controlled rate of 100 μm/s. This insertion speed was chosen to allow a reasonable level of control of the insertion depth, which was stopped manually. The insertion trajectory was chosen so that the array impacted the lateral wall of the scala tympani in the upper basal turn. In order to measure forces during insertion, some of the experiments were designed to ensure that some level of trauma occurred; hence, the insertion was often deeper than would normally occur.
The output of the force sensor and video footage of the insertion were simultaneously recorded to allow for offline reconstruction of the insertion experiment. The depth at which insertion was stopped was determined by a number of parameters which were specific to the requirements of three separate sets of experiments. The first experiment was designed to examine the difference between insertions performed to a depth of either 1.5 or 5 mm past the cochleostomy opening. These depths were chosen to represent cases where minimal trauma and some level of damage occurred during the insertion. In the second experiment, all insertions were stopped after a 3.5-mm insertion past the cochleostomy opening. This depth was found to produce damage to cochlear structures in the first experiment. The insertions were stopped manually by an operator using a digital display for feedback, which provided an accuracy of ±0.1 mm. The third and final experiment was similar to the first and aimed to investigate the difference between a traumatic insertion and an insertion where minimal trauma would occur. In this case, however, the insertions were controlled using a maximum force, as measured in real time by the sensor, to determine when the insertion was to be stopped. Values of atraumatic and traumatic force levels were estimated using the data from the previous sets of insertion experiments to be 75 and 225 mN, respectively (see Section IV). In the third experiment, the two guinea pigs were tested with a traumatic insertion in one cochlea and an atraumatic insertion in the other. In each of the three experiments, insertions were performed on both cochleae of two individual guinea pigs. This gave four data points per experiment.
At the end of each insertion, the electrode array was secured in position within the cochlea by fixing it in two locations. The guinea pig was then given an overdose of Lethabarb (150 mg/kg; intraperitoneal) and transcardially perfused with warm 0.9% NaCl followed by 4
• C 10% neutral buffered formalin (NBF) in 0.1 M phosphate buffer saline solution (pH = 7.35). The stapes was displaced from the left and right oval windows, the bone at each apex was opened, and the left and right round windows were punctured to facilitate the diffusion of fluids through the cochleae. The cochleae were kept in 10% NBF for postfixation overnight at 4
• C, after which histological processing and examination took place. Specimens were dehydrated in ethanol using serial concentrations progressing from 70 to 100% and immersed in degassed epoxy resin for acrylic fixation. Vacuum was applied to ensure that the epoxy mixture fully infiltrated the cochlea. After embedding, the specimens were X-rayed to assess the correct plane for sectioning. Excess portions of the temporal bone within the epoxy blocks were trimmed down to the cochlea. These specimens were re-embedded with the orientation of the blocks aligned such that the central axis of the cochlear was parallel to the plane of sectioning, perpendicular to the electrode array [38] .
The cochlear specimens were serially sectioned using a grinding technique with a section thickness that was adapted for specific experiments; in experiment #1, sections were 200-300 μm; in experiment #2, sections were 300 μm; and in experiment #3, sections were 200 μm. Each section was polished prior to staining with toluidine blue and examination under light microscopy with photography.
The level of trauma observed in histological specimens as a result of individual insertion tests was graded using blind techniques by applying a modified version of the scale reported by Eshraghi et al. [39] : 1) 0-no observable trauma; 2) 1-elevation of the basilar membrane; 3) 2-rupture of basilar membrane or tear of the spiral ligament, and; 4) 3-fracture of the osseous spiral lamina or modiolus. See Fig. 1 for information on the relevant anatomy of the cochlea. The main differences between this scale and that of Eshraghi et al. are that tearing of the spiral ligament has been added to category 2, category 3 has been removed as we saw no electrodes in the scala vestibuli and the severest trauma category has been simplified. Unless otherwise specified a trauma grading level was categorized if present in at least two consecutive sections.
III. RESULTS
A. Force Sensor Calibrations
In order to test the performance of the sensor unit, and before any use in animal experiments, force and temperature calibrations were performed in the laboratory. Axial force calibrations were performed by pressing the tip of the array containing the force sensor at 90
• onto a high-accuracy mass balance for a fixed period, recording the sensor output and converting the indicated mass to an equivalent force. The force level was then increased and another set of readings was taken. This process was repeated to cover the range of forces expected in the testing, typically up to a few hundred mN. These calibrations were repeated a number of times on each sensor. The temperature of both the sensor and filter Bragg gratings were recorded during calibrations to allow correction for any thermal drift.
In addition to force calibrations, the effect of temperature on the sensor output was measured for individual sensor probes. This information was required for compensation of the sensor measurements for the shift from room temperature to body temperature during implantation. Compensation was obtained by controlling the temperature of the filter FBG with a Peltier device, as the sensor measurement is only affected by the relative difference in temperature between the filter and sensor FBGs. In a manner similar to the force calibrations, data were recorded at a series of discrete temperature levels.
The sensor interrogation system measures the output of two photodiodes, the ratio of which is used to calibrate the Bragg grating sensor. Examples of force and temperature calibrations are shown in Fig. 4 , where the sensor data were averaged over 10 s during multiple cycles of increasing levels of the static force or temperature. The average RMS error for the force calibration data shown was 0.39 mN, calculated using the error in the ratio measurements which was then converted to an equivalent force.
B. Cochlear Insertion Experiment #1
Examples of the raw forces measured during traumatic and atraumatic insertions are shown in Fig. 5 . As discussed in Section II-C, the insertion used in this study differed somewhat from that used in standard insertions. Therefore, the insertion distance and the data in the following force figures should not be Fig. 5 is believed to be due to a slight temperature increase as the force sensing electrode array is inserted deeper into the guinea pig cochlea and reflects the difference between peripheral and core temperatures in the guinea pig. This drift was also observed in the remaining insertion tests, with a maximum value of approximately −10 mN. This drift was small relative to the magnitude of forces measured and therefore was deemed acceptable for this application.
The aim of this experiment was to stop the traumatic insertions at a depth of +5 mm; however, in two cases, the insertions were stopped before this depth due to significant bending of the sensor probe being observed; in both the cases, the insertion resulted in trauma to the cochlea. The maximum forces measured during the four sensor array insertions are given in Table I . As expected no obvious force was measured at the electrode array sensor tip during the atraumatic insertions (1-a and 1-c) .
Histological micrographs showing sections of the force sensors fixed in their final insertion position are shown in Fig. 6 , and illustrate both a traumatic insertion [see Fig. 6(a) ] and an atraumatic insertion [see Fig. 6(b) ]. Using the set of histological images for each insertion, trauma grades were determined, the results of which are given in Table I . 
C. Cochlear Insertion Experiment #2
The forces measured during the four insertion tests of the second experiment are shown in Fig. 7 , as a function of insertion distance. For each of these tests, the insertions went slightly past the intended maximum insertion depth of +3.5 mm. A clear difference is seen in the maximum forces measured for the two animals, with higher forces being measured in the tests on the first guinea pig in this experiment (i.e., insertions 2-a and 2-b). The maximum forces for each of the four insertions are provided in Table I . Fig. 7 also shows that the insertion depth at which the contact force starts to increase differs slightly among the individual insertion tests. This may be due to several variables in- cluding slight errors in determining the zero point for insertion, variability in the position and size of the cochleostomy, angle of insertion, variability in positioning the array at the opening of cochleostomy, or differences in sizes of the cochlea. This does however illustrate the potential advantages of the real-time force feedback in minimizing electrode array insertion trauma.
Examples of histological specimens taken with force sensors arrays fixed in the final insertion positions are given in Fig. 8 . The images provide an example from an insertion test performed in each of the two guinea pigs tested in this experiment. The maximum force measured in the insertion shown in Fig. 8(a) was ∼2.5 times greater than that recorded during the experiment shown in Fig. 8(b) . Gradings of the estimated trauma damage observed in the histological images of the four insertion tests are given in Table I . The insertion from 2-b was given a grade 2-3 (one image with clear evidence of trauma at a grade 3 level).
D. Cochlear Insertion Experiment #3
In the third insertion experiment, the aim was to stop the insertion at a force of either 75 or 225 mN, forces that were determined in the previous experiments to be atraumatic and traumatic, respectively. The actual maximum forces for each insertion, as listed in the lower section of Table I , varied slightly from the target forces due to the response time of the operator, but were deemed to be acceptable for the purposes of the experiment. The changes in the force measured at the sensor array tip as a function of insertion distance are shown in Fig. 9 . Again, Fig. 9 . Forces measured during insertion experiment #3, in which insertions were stopped at either ∼75 or ∼225 mN. the depth at which the contact forces begin to rise varies across the different insertions performed.
In Fig. 10 , examples of histological specimens from two insertions are illustrated. The top image is for one of the higher force insertions (∼225 mN), while the bottom image is from one of the lower force insertions (∼75 mN). The trauma grades for each of the insertion tests in this experiment are listed in Table I . The two insertions with lower maximum force gave trauma grades of 0 and 2, while the insertion with maximum forces of ∼225 mN both produced trauma grades of 3.
A graphical representation of the maximum insertion forces and corresponding trauma grades is provided in Fig. 11 . The relatively small number of insertions does not provide conclusive information on the maximum forces that can be tolerated in order to avoid specific types of trauma. The data however does show a definite trend of increased levels of trauma as the maximum insertion force increased.
IV. DISCUSSION OF RESULTS
In general, there appears to be a lack of data examining the mechanical properties of bony structures and soft tissues in the cochlea in relation to cochlear implantation. The forces against the outer wall of the cochlea have been measured with an Instron load cell during the insertion of an electrode array in cochlear models and in formalin-fixed temporal bones [17] . Data from a Teflon cochlear model showed that the "advance off stylet" technique with the advance electrode array generated peak forces of only 10 mN, whereas the Contour electrode array developed forces of 70 to 110 mN. Higher loads of up to 240 mN were measured in the temporal bones under the same conditions for the standard insertion technique, although the general form of the force versus array displacement was the same in both cases.
A key study by Ishii et al. [40] used a needle connected to semiconductor force sensors to measure the mechanical properties of cochlear tissues taken from autopsied cases. The rupture force was 564 mN for the round window membrane, 26-35 mN for the basilar membrane and only 4.2 mN for Reissner's membrane. The corresponding elastic (Young's) moduli were 9.8 MPa for the round window membrane, 6.0-9.7 MPa for the basilar membrane, and 34.2 MPa for Reissner's membrane. The authors note that there is no absolute value for the mechanical properties of biological materials, with parameters such as the tested size of the specimen, the sensor needle geometry, and the displacement speed influencing the results [40] .
While it is difficult to create reproducible experimental conditions in these ex vivo studies, the force measurements are in reasonable agreement with the present results obtained in vivo at the tip of an array during the insertion of an electrode array. The FBG-based sensor, together with low-cost, high-sensitivity interrogation unit developed in this study, provides a resolution of approximately 1 mN, which is equivalent to 0.08 MPa (for the 125-μm diameter optical fiber used). The sensor is thermally stable under operational conditions, showing a maximum drift of ∼10 mN as it was inserted deeper into the guinea pig cochlea. As this drift is in the opposite direction to the response under compression, it was deemed acceptable in the current context. If required, a number of methods to correct for the temperature cross-sensitivity can be used (e.g., [41] and [42] ). The system provides a real-time display of the sensor output (force) with a sampling rate of up to 100 kHz. This can easily be modified as required to provide a more convenient interface or feedback mechanism for the surgeon during implantation.
One of the aims of this study was to investigate if there was any correlation between the maximum level of contact force that occurs during the insertion of an array and subsequent structural damage. With the first two experiments, however, the insertion depth was used as a control in the tests and as a result the peak forces were not fully controlled. Future experiments investigating the level of trauma would best be performed using the measured maximum force to determine the final insertion depth, as used in the final experiment. It is important to reiterate that due to the limited number of animals tested in this study, further trials are required before definitive correlations between the level of insertion force and subsequent trauma can be made.
It has recently been shown that for straight electrode arrays the frictional interaction between the electrode array and the wall of the cochlea depends on the insertion speed [43] . Previous studies of the forces applied during electrode array insertion by others have been carried out using a range of insertion rates (e.g., 0.3 → 2 mm/s) [44] - [46] , while a recent study evaluating the insertion rate of electrode arrays of a number of surgeons reported a mean insertion rate of 1.6 mm/s [47] . Therefore, it may be interesting to investigate how the insertion rate affects the resulting force measured with the electrode array containing the force sensor. Future work may also involve adding periods in which the electrode/sensor is stationary to allow thermal stabilization.
Various studies have used three-point flexural bending and buckling tests to determine stiffness properties of electrode arrays [48] , [49] . Lim et al. [16] have reported elastic moduli for compact bone (20 GPa), keratin (3 GPa), basilar membrane fibers (1.9 GPa), and basilar membrane ground substance (0.2 MPa), but it is not clear what source they use for this data. In comparison, the elastic moduli of common electrode array materials were reported as 8.27 GPa for Pt/Ir/PTFE used for wires and 0.45 MPa for silicone elastomer. In comparison, the modulus for an optical fiber is approximately 72.5 GPa for fused silica [50] . Indeed, deflection force measurements of an electrode array containing an embedded 125-μm diameter fiber were ∼6 times higher than those for a standard guinea pig array without an embedded optical fiber. From this it is clear that the 125-μm diameter optical fiber dominates the mechanical properties of the array.
The current sensor is primarily designed to measure the axial forces at the tip of a cochlear implant during insertion. Forces applied by the tip of an electrode are considered to be responsible for one of the most common types of insertion injury, namely penetration of the basilar membrane and movement of the electrode into the scala vestibuli [14] , [51] . Hence, an understanding of the forces applied at the tip of the electrode implant is critical to developing insertion techniques and implant designs that reduce trauma. It is important to note however that there are a number of forces at play during insertion, including axial and lateral forces at the tip, frictional forces and lateral forces from the proximal section of the array [46] , [52] . In most of the studies of insertion forces reported to date, the experimental configuration measured a combination of these forces [17] , [21] , [47] , [53] , which does not provide complete information on all of the individual force components. One of the areas for future study with the proposed sensor could be to obtain detailed information on the individual force components at play during the insertion. There are a number of other potential improvements to the proposed sensor design that could be explored, such as minimizing the sensor FBG length to optimize the spatial selectivity of the region being monitored.
In all of the animal experiments undertaken here, sensors with Bragg gratings written in 125-μm fiber were used. This diameter fiber was chosen for use as it is a standard diameter in many telecommunications systems, and therefore, compatible handling tools and components are relatively cheap and readily available. In order to reduce the array stiffness, it may be possible to use a smaller diameter fiber, such as 80 μm, for the sensor. This may allow deeper insertion of the sensor into the cochlea. Some other potential advantages of smaller diameter fiber sensors include increased force sensitivity and easier incorporation into the electrode array.
V. CONCLUSION
Insertion experiments performed with the force sensor on anaesthetized guinea pigs have demonstrated a correlation between applied force and tissue damage in the guinea pig cochlea. The results obtained indicate that this sensor could be used to study the mechanical properties of delicate cochlear structures in vivo. This information is potentially useful for mechanical modeling of the cochlear and could be used to direct future improvements in array design [51] . However, there is a limit to the information that can be obtained from a uniaxial sensor in a complex 3-D geometry such as the cochlea.
The results of this study also serve to highlight the challenges of manual insertion. After the array made contact with the back wall of the cochlear spiral, a rapid increase in the force occurred within about 0.2 mm. Considering typical implant insertion rates and relatively slow human reaction times, it may be difficult for a surgeon to effectively use the sensor feedback to minimize trauma. However, the device could potentially be used for training purposes or form part of an automated insertion tool that offers an increased level of motion control [21] .
